Objective. In many applications, multielectrode arrays exploited as neural implants requires a high density and a high number of electrodes to precisely record and stimulate the activity of the nervous system while preserving the overall size of the array as little as possible. Approach. Here we present a multilayer and three-dimensional (3D) electrode array, together with its manufacturing method, enabling a higher electrode density and a more efficient signal transduction with the biological tissue. Main results. The 3D structure of the electrode array allows a multilayer placement of the interconnects within a flexible substrate, it narrows the probe size per the same number of electrodes, and it maintains the electrode contacts at the same level within the tissue. In addition, it increases the electrode surface area, leading to a lower electrochemical impedance and a higher charge storage capacity. To characterize the recordings capabilities of the multilayer 3D electrodes, we measured visually evoked cortical potentials in mice and analyzed the evolution of the peak prominences and latencies according to different light intensities and recording depths within the brain. The resulting signal-to-noise ratio is improved compared to flat electrodes. Finally, the 3D electrodes have been imaged inside a clarified mouse brain by using a light-sheet microscope to visualize their integrity within the tissue. Significance. The multilayer 3D electrodes have proved to be a valid technology to ensure tissue proximity and higher recording/stimulating efficiencies while allowing an increase in the electrode density and a reduction in the probe size.
Introduction
Implantable multielectrode arrays (MEAs) have been widely used in neuroprosthetics as means for signal transduction from and to the nervous system [1] - [4] . Microelectrodes can modulate neuronal activity and record spikes or local field potentials in their proximity [5] , [6] . As a result of scientific and technological evolution in microengineering and materials science, the field of neuroprosthetics is steadily progressing towards more efficient devices, in particular towards improved interfaces with the biological tissue [7] . A generally desired characteristic of implantable MEAs is a high density of electrodes leading to a high-resolution prosthesis, and in some cases, ideally reaching the single neuron level [8] , [9] . High-resolution prostheses can be useful in various applications, such as in artificial vision to replace degenerated photoreceptors with a retinal implant [10] - [12] .
Micro-and nanofabrication technologies offer nowadays the opportunity to manufacture thin and flexible implants with electrode sites in the order of few micrometers [13] , [14] , meaning that is possible to obtain probes with very high electrode density (up to about 1'000 electrodes mm -2 ). Nevertheless, a limitation associated with the increase of the electrode number and density is the increasing number of traces connecting the array to external electronic devices. In turn, this would augment the implant invasiveness by requiring a wider connecting cable. It is, therefore, necessary to reach a compromise between the size of the probe and number of electrodes.
As an example, most epi-retinal prostheses rely on a trans-scleral cable to connect the implanted electrode array to the extraocular electronic case [15] . A trans-scleral cable is recognized as a weak point because it may cause eye inflammation or leakage through the pars plana incision followed by hypotony [16] . To reduce the risk of such events, the trans-scleral cable has to be limited in its width (in general less than 2 mm). In turn, this constraint imposes a limitation on the maximum number of electrodes that can be addressed [17] .
In this perspective, multilayer fabrication allows the placement of electrodes with their interconnects on different levels, favoring an increase in electrode density while maintaining a reasonable implant size [18] , [19] . An example of multilayer placement is visible in figure 1(a) , where three electrodes can be placed on three different layers (bottom) instead of one (top), with a slight -and mostly irrelevant -increase in thickness, but an important reduction in width (see red arrows). Nevertheless, a common drawback when using multi-layered probes is the increased and inconsistent distance between the electrodes and the overall surface of the implant (figure 1(b), flat), or in other words, the electrode-tissue distance. This electrode-tissue separation is an important parameter to be minimized for an efficient implantable neuroprosthesis [5] , [20] - [22] . In case of neural recordings, the closer the electrogenic cell is to the electrode, the higher is the probability of detecting and specifically identifying its neural activity. In the case of neuronal stimulation, the reduction of the electrode-tissue separation increases the spatial selectivity [23] , [24] . Multilayer probes are therefore deprived of a reliable cell-electrode contact, especially for the most bottom levels and when exploiting flexible polymeric materials characterized by relatively thick deposition thicknesses (tens of µm) due to their high viscosities [25] . Thicker depositions lead to thicker encapsulations and therefore larger electrode-tissue distances.
In order to overcome the above-mentioned issues, we developed a 3D electrode array able to situate the electrodes closer to target cells. With this method, it is possible to manufacture flexible multilayer probes with 3D electrodes flush with the implant surface ( figure 1(b) , 3D flush) or protruding from it ( figure 1(b), 3D protruding) . In this article, we describe the details about the fabrication method and show the results with electrochemical characteristics and in vivo recordings of 3D protruding electrodes.
Methods

MEA Fabrication
A release layer of TiW (200 nm) / Al (1 µm) was deposited using a magnetron sputter onto 4-inch Si wafers. The deposition of a polyimide (PI, PI2611 HD Microsystems) layer of 8 µm was obtained by spin-coating at 1750 rpm, soft-baking at 65 °C (5 min) and at 95 °C (5 min), and hard-baking at 200 °C (1 hr) and 300 °C (1 hr) both under nitrogen atmosphere. The patterning of electrodes was performed by magnetron sputtering Ti (5 nm) / Pt (120 nm) / Ti (5 nm) onto oxygen plasma treated PI, followed by photolithography with a slight photoresist reflow, and ion beam etching. The electrodes were 100 µm in diameter with 20 µm wide interconnects. After photoresist removal, the substrates were coated again with PI at 6 µm (1900 rpm) following the same procedure as described for the first layer. For bilayer implants, the steps of metallization and PI encapsulation were repeated once again, with a PI thickness of 13 µm (1000 rpm) for 3D protruding electrodes (otherwise 6 µm). At this stage, the fabrication process is as reported in figure 2 (steps 1a, 1b, and 1c respectively). To produce the openings (either flat or 3D), a 600 nm Si hard mask was sputtered on the substrates and patterned by photolithography and chlorinebased dry etching using different designs according to the type of electrodes (figure 2, steps 2a, 2b, and 2c respectively). An opening disc of 92 µm in diameter was exposed for flat structures, while an 8 µm wide ring with diameters of 76 µm (internal) and 92 µm (external) for 3D structures. The top PI layer was directionally dry etched using oxygen plasma until the openings reached all of the electrode layers (Pt is used as etch stop material, figure 2, steps 3a, 3b, and 3c respectively), then the Si mask was removed by dry etching. Flat electrode arrays do not need further microfabrication steps and can be shaped by laser cutting, released from the wafer by aluminum anodic dissolution, and bonded to a printed circuit board (PCB). The PCB bonding was performed with a silver paste (EPO-TEK H20E-FC, Epoxy Technology) contacting the pads and an insulating epoxy glue (EPO-TEK 302-3M, Epoxy Technology) as encapsulation. Prior the laser cutting and releasing, 3D flush electrodes should undergo one more step of pillar covering by Pt magnetron sputtering (200 nm) through a 50 µm thick rigid stencil with holes aligned on the electrodes (figure 2, step 4d). For 3D protruding electrodes another photolithographic step was necessary to protect electrodes, pillars, and pads (figure 2, step 4c); while directionally oxygen dry etching was performed to reduce the rest of the PI encapsulation layer to a thickness of about 6 µm (figure 2, step 5c). The protruding PI pillars of about 13 µm high in total (i.e., with 6 to 7 µm protrusion) were finally covered with Pt as for flush electrodes, cut, released, and bonded to the PCB for testing and implantation.
Microscopy and electrochemical characterization
The electrode arrays were imaged with light microscopy and scanning electrons microscopy (SEM). Image post-processing was performed using ImageJ.
Electrochemical impedance spectroscopy (IS) was performed with a potentiostat (Compact Stat, Ivium Technologies). The arrays were soaked in phosphate buffered saline (PBS, 1x) together with a Pt counter and an Ag/AgCl reference wire, the potential was set at 50 mV, and the impedance magnitude and phase were measured between 1 Hz and 1 MHz.
Cyclic voltammetry (CV) was performed with the same setup and three-electrodes configuration as for IS. The applied voltage V was scanned between -0.6 and 0.8 V at a rate of 50 mV s -1 and the current was measured and averaged for each electrode (6 cycles, the first cycle was discarded). The cathodic phase area (shaded area in figure 4(c)) was measured to determine the charges generated per cycle (area/scan rate) and the normalized cathodic charge storage capacity (CSC, charges/electrode surface area).
In vivo experiments
Experiments were conducted under the animal authorization GE13416 with 2-months old C57BL/6J mice (Charles River). Animals were kept in a 12 h day/night cycle with access to food and water ad libitum. Experiments were carried out during the day cycle. Before the surgical procedure, mice were anesthetized with isoflurane inhalation (induction 0.8 -1.5 l min -1 , 4 -5 %; maintenance 0.8 -1.5 l min -1 , 1 -2 %). Analgesia was performed by subcutaneous injection of buprenorphine (Temgesic, 0.1 mg kg -1 ), and a local subcutaneous injection of lidocaine (6 mg kg -1 ) and bupivacaine (2.5 mg kg -1 ) with a 1:1 ratio. The depth of anesthesia was assessed with the pedal reflex, the eyes were protected with artificial tears, and the temperature was maintained at 37 °C with a heating pad during both surgical and recording sessions.
Deeply anesthetized animals were placed on a stereotaxic frame and the skin was opened. A squared craniotomy of approximately (4 x 4) mm was opened either over the left or right visual cortices (identified by stereotaxic coordinates). The multielectrode array was inserted in the visual cortex using a micromanipulator (SM-15R, Narishige), while a reference stainless-steel screw electrode was placed on the rostral side of the cranium, outside of the visual cortex. A needle placed subcutaneously in the dorsal area near the tail served as the ground. 10 light flashes (4 ms, 1 -30 cd s m -2 ) were delivered with a Ganzfeld stimulator (Biomedica Mangoni) positioned close to the contralateral eye and the corresponding visually evoked cortical potentials (VEPs) were recorded for 1000 ms (50 ms pre-stimulus and 950 ms post-stimulus) and filtered (0.1 -300 Hz). The signals were acquired simultaneously in four channels connected to four of the electrodes in the probe. VEPs signals were plotted in Matlab R2015b (MathWorks) and peaks amplitudes, prominences, and latencies determined. For the evaluation of the signal-to-noise ratio (SNR), the standard deviation of the baseline was calculated within the first 50 ms of recordings prior to the flash stimulus (noise, N), while the full signal standard deviation was calculated for the entire 1000 ms of recordings (signal, S).
Animals were euthanized while still under anesthesia by CO2 inhalation. In animals designated for brain imaging, the craniotomy was closed and the animal was left implanted for 1 week before perfusion. Animals were then euthanized with an injection of pentobarbital (150 mg kg -1 ) under a chemical hood. The chest cavity was open to expose the beating heart and the descending aorta was clamped to deliver the fixative solution only to the brain. A needle was inserted in the left ventricle and the right atrium was cut to allow complete bleeding. The animal was immediately perfused with PBS followed by a fixative solution of 4 % paraformaldehyde (PFA) in PBS. At the end of the procedure, the head of the animal was cut and the brain removed and placed in 4 % PFA for post-fixation.
Whole brain imaging
Brain clarification was performed according to a previously described procedure [26] . Briefly, after overnight post-fixation at 4 °C in PFA 4 %, the brain was immersed in hydrogel solution (Acrylamide 40 % + VA-044 initiator powder in PBS 1x) at 4 °C for three days. The hydrogel polymerization was induced by keeping the sample at 37 °C for 3 hrs, then the brain was passively clarified in 4 % sodium dodecyl sulfate clearing solution (pH 8.5) for four weeks under gentle agitation at 37 °C.
The whole clarified brain was transferred to Histodenz solution at pH 7.5 (Sigma) and imaged with a light-sheet microscope. To image the electrode array within the mouse brain we used a custom-made light-sheet microscope optimized to image labeled clarified tissue: Clarity Optimized Light-sheet Microscope (COLM), as previously reported (http://tomerlab.org/colm). Briefly, the sample was illuminated by two digitally scanned light-sheets coming from opposite directions. The sample was excited with the 488 nm laser and emitted fluorescence was collected by high numerical aperture objectives (Olympus XLPLN10XSVMP N.A 0.6) filtered (Brightline HC 525/50, Semrock) and imaged on a digital CMOS camera (Orca-Flash 4.0 LT, Hamamatsu) at a frequency ranging between 5 and 10 fps. A self-adaptive positioning of the light sheets across Z-stacks acquisition ensured an optimal image quality over up to 1 cm of tissue.
Statistical analysis
The computation of the mean, the standard deviation (s.d.) and the standard error of the mean (s.e.m.) of data distributions and the graphical representation of the results were performed with OriginPro 2017G (OriginLab), where w indicates the number of the electrode tested, n is the number of recordings, and N represents the number of animals. Statistical analysis was performed with a t-test or a non-parametric Mann-Whitney test depending on the dataset distribution.
Results
The manufacturing method we have proposed to create multilayer 3D electrode arrays applies established wafer-scale processes in the field of microtechnology [27] - [29] . The multilayer 3D electrode arrays can be fabricated in two fashions: with flush or protruding electrodes. Compared to multilayer flat electrodes, the fabrication of 3D flush structures requires a single additional step of pillars covering (step (4d) in figure 2), as the photolithographic and etching steps only differentiate in the masking design. Three additional steps (4c, 5c, and 6c in figure 2 ) with respect to multilayer flat electrodes are required to fabricate the 3D protruding pillars of variable heights. The materials used to fabricate the arrays are PI as a substrate and Pt as a metallic conductor, two widely used materials in implantable medical devices. However, other polymers such as parylene C and PDMS could be used, as well as other conductive materials and coatings such as gold, iridium oxide, and platinum gray. Figure 1 (c) shows a magnified cross-section view of a 3D protruding electrode. From this image, it is clear how the metallization of the pillar wall generates an electrical connection between the based electrode and the top surface of the pillar.
The differences in structure, electrode design, and fabrication process used to manufacture monolayer flat (a), bilayer flat (b), and bilayer 3D flush/protruding (c) electrode arrays is shown in figure 2 . It is worth to mention that bilayer arrays have the width (needed for interconnects) almost half the size of monolayer configurations. Consequently, for three layers, the difference would be of about 1/3. The 3D structures have been obtained by etching a ring in the encapsulation layer at the electrode location instead of etching the entire openings ( figure 2 steps 2b and 2c) , therefore creating a pillar or cylinder on top of the base electrode. To make the pillar electrically conductive and connecting it with the base electrode, the pillar walls have been coated with Pt by sputtering (figure 2, steps 4d and 6c), which is known to deposit material relatively isotropically [30] . At this point, the electrode has been elevated to the pillar top surface and at the same level for all the layers. The difference in the fabrication between 3D flush and 3D protruding are two extra steps of photolithography (protecting the pillars, step 4c) and PI dry etching (lowering the overall encapsulation thickness, step 5c). Indeed, for protruding electrodes, one has to deposit a thicker PI encapsulation layer corresponding to the desired pillar height and in prevision of the extra etching step.
A light microscopy image of the bilayer implants in figure 3 (a) shows a fabricated eight-electrode array with an electrode diameter of 100 µm and a pitch size of 200 µm. Here, the Pt covering of pillars is perceivable, and the organization of the interconnects is visible through the PI, where they are appropriately aligned and therefore sparing a significant area of the implant. In the following part of the study, we focus only on 3D protruding electrodes. The choice is justified by the fact that their structure, although more complicated in terms of fabrication, may enable a better contact with the tissue [23] , [24] . SEM pictures show a tilted view of three protruding electrodes together with a zoom into one of them ( figure 3(b) and (c) ). The electrode diameter is 100 µm with a pillar diameter of 76 µm, leading to a groove width of 8 µm. In this electrode array, the pillars have been fabricated with a protruding height of about 6.5 µm above the top PI surface ( figure 3(d) ). It is to notice that, although the layers are placed at a different depth within the PI, the top contact sites for each electrode lay at the same height. In addition, the sputtered Pt covering the pillars (brightest material in figure 3(b) and (c)) surpasses the size of the opening and deposits on the encapsulation layer. This is because the hole design in the stencil had a diameter of 100 µm, matching the size of the contact at the pillars bottom. The sputtering through the stencil could be replaced with lift-off or other etching processes resulting in more precise pillars covering. Figure 3 (e) highlights the surface roughness appeared on the pillar walls after PI dry etching. Figure 4 illustrates the electrochemical characterization of the fabricated electrode arrays, in a monolayer configuration, consisting of flat and 3D protruding electrodes. The purpose of these measurements is to validate 3D electrodes and establish possible differences with standard flat electrodes. IS (figure 4 (a) and (b)) shows a typical electrode-electrolyte interface behavior [5] . The most prominent difference is the decreased impedance magnitude over the tested range of frequencies for the 3D protruding electrodes (w = 19) with respect to the flat electrodes (w = 12). In addition, the 3D protruding electrodes show a more resistive behavior at higher frequencies (10 4 -10 6 Hz). The reason for lower impedance values can be attributed to the difference in the electrode surface area: 0.0111 mm 2 for 3D protruding and 0.0084 mm 2 for flat electrodes. At 1 kHz, the impedance magnitude values (mean ± s.d.) are 194 ± 47 kOhm for 3D protruding electrodes and 427 ± 155 kOhm for flat electrodes (p < 0.0001, t-test), while the values for the phase are not significantly different at this frequency (-65.7 ± 4.0 ° for 3D protruding electrodes and -63.2 ± 7.7 ° for flat electrodes; p = 0.244, t-test). Electrochemical IS also showed no major differences between the bottom and top layers for 3D protruding electrodes in bilayer probes (p = 0.45, Mann-Whitney test).
CV has been performed (figures 4(c) and (d)) within the Pt water window (-0.6 to 0.8 V) for 3D protruding electrodes (w = 18) with respect to flat electrodes (w = 12). It is visible in figure 4 (c) that the measured currents extend to greater values for the 3D geometry. As for the impedance, this effect derives from an increased surface area, enabling a less impeded charge injection at the electrode-electrolyte interface [5] . Accordingly, the charges injected per cycle and their corresponding CSC are calculated for the cathodic phase from the area within the curves ( figure 4(d) ). The amount of charges generated for each cycle is greatly increased for the 3D protruding electrodes (0.301 ± 0.024 µC for 3D and 0.197 ± 0.022 µC for flat; p < 0.0001, Mann-Whitney test). Interestingly, when normalized by the exposed surface area, the CSC of 3D structures remains slightly higher (2.71 ± 0.22 mC cm -2 for 3D and 2.34 ± 0.26 mC cm -2 for flat; p < 0.01, Mann-Whitney test), even though it should not differ, as it is made of the same material. This difference could be due to the roughness of the pillar walls appearing after PI dry etching, which further increases the surface area of 3D electrodes. Figure 3 (e) provides an SEM picture of the Pt-coated roughness on a pillar wall. Table 1 displays the values mentioned above of surface areas, cathodic charges (from CV), and cathodic CSC for both 3D protruding and flat electrodes. Moreover, it shows the absolute and percent differences of the measurements together with the percent quantity that is not due to the geometrical surface area of the electrodes (32 %), but it likely represents the roughness contribution. As the calculated increase from the charges (21 %) slightly differs from the amount obtained directly from the cathodic CSC difference (16 %), we inserted in the table the average value between these two, which represents a probable increase in active surface area due to roughness (18.5 %) . Accounting this, the more realistic increment in the active surface area from flat to 3D electrodes is about 50 %, which further augments the electrode-electrolyte contact area, contributing to the increase in charge storage and to the decrease of impedance. Table 1 . Values for surface area, charges generated during the cathodic phase of CV, and cathodic CSC for the 3D protruding and flat electrodes. The absolute and percent differences between the two types of electrodes are also shown. The last column shows the difference percent that cannot be attributed to the 3D geometry, therefore likely due to roughness.
3D
Flat Bi-layered 3D protruding probes have been used to record VEPs in mice using a ganzfeld flash stimulation. Figure 5 (a) shows a sketch of the experiment with the implant location and approximate depth into the visual cortex of the eight-electrode array. The insertion of the probe was stopped once the last electrode disappeared into the brain surface, therefore -assuming that the implant did not bend inside the brain -we can approximate the location of each electrode using the array pitch size of 200 µm. Hence, the different recording depths were at about 100, 300, 500, 700, 900, 1100, 1300, and 1500 µm below the cortical surface. The mouse visual cortex is about 1.2 -1.3 mm thick [31] , [32] , meaning that the two terminal electrodes (at 1300 µm and 1500 µm) could presumably lay in the white matter or the transition region. Nevertheless, considering that a perfectly vertical and straight insertion of a flexible implant hardly represents the real scenario, most likely at least one of these electrodes is still found in the deep layers of the visual cortex. Figure 5(b) shows an example of VEP recordings of all the eight electrodes upon a flash illumination of 30 cd s m -2 . Each trace represents the average of n = 10 consecutive recordings (1 Hz repetition rate). Peaks characteristic of the VEPs (N1, N2, and N3 respectively) are visible at 50 -90 ms, as well as 100 ms, and 110 -150 ms post-stimulus [33] . Peak amplitude and latency shift as the recordings were taken more profound in the cortex. The amplitude (in case of N1, N3) and polarity (in case of N2) of the electrode at 1500 µm are very dissimilar from the others, probably because it is located below the cortical layers. For better visualization and comparison of depth effects, the traces of the first four electrodes (100 -700 µm) are enlarged and superimposed in figure 5(c) . Negative (N1, N2, N3) and positive peaks (P1, P2) are identified. As the depth into the cortex increases (black arrows): N1 decreases its amplitude, while N2 increases it. In panel (d), the mean (± s.e.m.) amplitude values of N1 and N2 are plotted versus the penetration depth (N = 3).
VEP traces of the eight electrodes recorded at light intensities of 1, 5, 10, and 30 cd s m -2 are presented in figure 6(a-d) , and N1 and N2 latencies and prominences have been identified and plotted versus the light intensity in figure 6(e-h) . The characteristic evolution of the VEP peaks can be observed. The increase of N1 amplitude and the decrease of latency with light intensity, as well as the opposite behavior of N1 and N2 amplitudes with recording depth are known phenomena of local field potentials recorded in the visual cortex [33] - [35] . Upper and lower regions of the cortex approximately follow the same trend, apart from N1 prominences (panel (g)), where the upper region (100 -700 µm) responses continuously augment with light intensity, which is a contrasting behavior concerning the other prominence trends.
Analyzing single sweep recordings, it is possible to observe clearer and more defined peaks with 3D structures with respect to flat electrodes, where the peaks are less evident and not unequivocally identifiable ( figure 7(a) ). To further characterize the SNR of the 3D electrodes compared to the flat ones, the s.d. of the single recording traces of each type of electrodes have been calculated for the full signal (S) and the pre-stimulus baseline (N) ( figure 7(b) ). The signal after the light stimulus has larger peaks for 3D protruding electrodes with respect to flat (174 ± 39.7 µV for 3D protruding electrodes and 133 ± 23.7 µV for flat electrodes; p < 0.0001, Mann-Whitney test), while the baseline has a lower s.d., indicating a lower noise level (56 ± 32.9 µV for 3D protruding electrodes and 75 ± 19.3 µV for flat electrodes; p < 0.0001, Mann-Whitney test). The s.d. of the full signals divided by the one of baselines (SNR) gives 3.11 for the 3D protruding electrodes and 1.77 for the flat electrodes.
During surgical implantation, the 3D protruding electrodes may be damaged by frictions between the protruding pillar and the brain parenchyma. To verify the integrity of the 3D protruding electrodes within the tissue, the arrays have been imaged inside a clarified mouse brain using a light-sheet microscope. Figure 7 (c) contains a photograph of the transparent brain with two implanted 3D electrode arrays used to image the structures as shown in panel (d). In this micrograph, the 3D protruding electrode is recognizable, intact, within the brain tissue (black in the image). For comparison, figure 7(e) illustrates a similar electrode imaged with a light microscope prior to implantation.
Discussion
In this article, we have proposed an electrode array design that can be used to optimize neural implant with high electrode density, reduced probe size, and small electrode-tissue distance. Multilayer 3D electrode arrays do not require a further significant amount of resources and fabrication steps with respect to flat electrodes; however, their contribution to recording and stimulation capabilities could be significant. The 3D protruding pillars could better reach target neurons separated from the stimulating or recording sites by the fibrotic tissue surrounding the implant [24] , [36] . An additional advantageous feature of these cylindrical electrodes (both flush and protruding) is that all sites have the same elevation concerning the global thickness of the implant, independently of the different planes at which they were placed originally with their respecting traces. Moreover, there is no need for electroplated electrodes that are difficult to control, demand considerable material deposition, and rigidify the implant [37] .
The proposed fabrication method allows the production of pillar protrusion heights between 0 (flush) and 30 µm for up to four electrode layers. Two major aspects have to be considered when fabricating geometries with challenging aspect ratios, as in the case of pillar height to groove width ratios above 3. First, the polyimide at the bottom of the groove could be challenging to etch away even with high over-etching times; secondly, the sputtered covering could not be as homogeneous as for lower aspect ratio geometries, and this could lead to poor electrical contact between the bottom and the top of the pillars. Another factor that limits the number of layers is that the upper levels finish the polyimide etching to create the grooves before the underlying layers. This means that the Pt, acting as an etch stop layer, has to withstand the plasma treatment until all of the bottom levels are entirely etched. Although Pt is a suitable etch stop material for oxygen plasma [38] , the directional ion bombardment could damage or thin the Pt after a while. Possible ways to circumvent this problem are either to augment the thickness of Pt depositions to compensate the loss during etching or to deposit another etch stop layer after Pt (such as Si or SiO2) and remove it before the covering of the pillars.
Here, PI and Pt were used as insulating and conducting material respectively, but other insulators and conductors can be also used to fabricate these electrode arrays.
In general, low impedance electrodes are preferred for recording neural activity, while electrodes with high charge storage/injection capacity are advantageous for stimulation [5] . As they both are influenced by the electrode-electrolyte contact, increasing the surface area (i.e., porosity, roughness, geometry) improves these two characteristics. As visible from electrochemical measures, 3D electrodes provide a better option compared to flat ones for both recording and stimulation.
In vivo recordings of VEPs with 3D protruding electrodes showed a better SNR with respect to flat electrodes, thus allowing a detailed characterization of all the VEP peaks depending on the brain depth and the light intensities.
High-resolution imaging of multielectrode arrays within the brain showed that the 3D protruding electrodes were perfectly intact after one week of implantation.
In conclusion, 3D electrode arrays allow a multilayer placement of their interconnects within a flexible substrate, thus reducing the size of the probe per the same number of electrodes. In addition, all the electrode sites are maintained at the same level and nearer to the tissue. The surface area of the electrodes is increased by about 50 % compared to flat standard electrodes, which leads to lower electrochemical impedance and higher charge storage capacity. 
